The aim was to quantify the influence of heterogeneous isotropic and heterogeneous anisotropic tissue on the spatial distribution of the electric field during deep brain stimulation (DBS). Three finite element tissue models were created of one patient treated with DBS. Tissue conductivity was modelled as (I) homogeneous isotropic, (II) heterogeneous isotropic based on MRI, and (III) heterogeneous anisotropic based on diffusion tensor MRI. Modelled DBS electrodes were positioned in the subthalamic area, the pallidum, and the internal capsule in each tissue model. Electric fields generated during DBS were simulated for each model and target-combination and visualized with isolevels at 0.20 (inner), and 0.05 V mm -1 (outer). Statistical and vector analysis was used for evaluation of the distribution of the electric field. Heterogeneous isotropic tissue altered the spatial distribution of the electric field by up to 4% at inner, and up to 10% at outer isolevel. Heterogeneous anisotropic tissue influenced the distribution of the electric field by up to 18 and 15% at each isolevel, respectively. The influence of heterogeneous and anisotropic tissue on the electric field may be clinically relevant in anatomic regions that are functionally subdivided and surrounded by multiple fibres of passage.
Introduction
Deep brain stimulation (DBS) is a widely used therapy for selected patients with severe Parkinson's disease (PD), essential tremor, and primary dystonia. The overall clinical outcome of DBS depends on several biological variables such as severity of disease, duration of disease since the onset of symptoms, type of symptoms, and drug sensibility [1] [2] [3] . DBS acts as a local delivery treatment and so is dependent on the volume of tissue influenced by the stimulation [4] . Thus, knowledge of the anatomical distribution of electric field generated during DBS is crucial for maximizing the therapeutic effects of this therapy. Several technical aids for pre-, intra-, and post-surgery are currently being developed and enhanced [5] . An example is patient-specific computer simulations of the electric field generated during DBS [6, 7] . Å ström et al. [6, 8] , have previously used pre-and postoperative MRI acquired during the planning and the postoperative follow-up of the surgical DBS procedure for creating patient-specific models and simulations of DBS. Brain tissue is classified in the MRI and material properties from the literature are allotted to each classified MRI-voxel. However, models based on regular MRI neglect the directional dependency, the anisotropy, of the electrical conductivity of brain tissue. The impedance of myelinated fibre bundles in the internal capsule of a cat has been measured to be approximately nine times greater perpendicular to the axonal fibres than M. Å ström (&) Á K. Wårdell Department of Biomedical Engineering, Linköping University, 581 85 Linköping, Sweden e-mail: matas@imt.liu.se along these fibres [9] . Sotiropoulos and Steinmetz [10] incorporated non patient-specific heterogeneous and anisotropic tissue for simulations of DBS in the subthalamic nucleus (STN). It has been suggested by Tuch and co-workers [11] [12] [13] that diffusion tensor magnetic resonance imaging (DTI) can be used to calculate anisotropic electrical conductivity tensors in patient-specific anatomy. The basis for a general relationship between diffusion of water and electrical conductivity in biological tissue is the mutual geometrical restrictions for both ionic and water mobility [12] . Because of the effective electrical shielding of the neuronal membranes, both the electric conductivity and water diffusion are primarily mediated in the extracellular pathways. This predicts a linear scaling relationship between water diffusion and electrical conductivity. Walackier et al. [14] have previously created DBS models based on patient DTI, and Butson et al. [7, 15] created a finite element tissue model based on a DTI atlas that has been fitted to patient-specific anatomy. This approach has recently been used to study the influence of different model complexity on neural activation [16] . In this study patientspecific stereotactic MRI, and DTI acquired during the surgical DBS procedure was used to create patient-specific models of the brain. The overall aim was to quantify the influence of heterogeneous isotropic and heterogeneous anisotropic tissue on the spatial distribution of the electric field during DBS by means of patient-specific models and simulations.
Materials and methods

Tissue models
Three finite element tissue models were created in three deep brain anatomic regions of one patient suffering from severe Parkinson's disease. The patient was undergoing bilateral DBS surgery in the subthalamic region. Stereotactic preoperative MRI, including DTI, and postoperative computed tomography (CT) scans were used during the modelling process. Preoperative T2-weighted MRI and DTI were acquired one day before surgery on a 1.5 Tesla machine (Sonata, Siemens, Germany) with a voxel volume of 0.56 mm 3 (0.53 9 0.53 9 2) and 9.72 mm 3 (1.8 9 1.8 9 3), respectively. The acquisition parameters for the T2-weighted MRI were: repetition time, 4500 ms; echo time, 13 ms; and number of averages, 2. Acquisition parameters for the DTI were: repetition time, 3300 ms; echo time, 84 ms; number of averages, 7; number of b0 images 1; and number of gradient directions, 6. The postoperative CT were acquired on a LightSpeed QX/i (GE Medical Systems, USA) with a voxel volume of 0.08 mm 3 (0.43 9 0.43 9 0.43).
In Model I the tissue-medium was modelled as a homogeneous isotropic volume conductor with an electric conductivity of 0.075 S m -1 (Siemens metre -1 ) representing a mixture of white and grey matter [17] . This model was regarded as a baseline model for comparison with the two other models. In Model II the methods previously developed by our group was followed [6, 8] . The tissue was modelled as heterogeneous and isotropic based on preoperative T2 weighted stereotactic MRI. The preoperative MRI voxels were classified according to the intensity of each voxel and were allotted electrical conductivity properties from Andreuccetti's online database [17] . The electrical conductivity of cerebrospinal fluid was set to 2.00 S m -1 , grey matter 0.09 S m -1 , white matter 0.06 S m -1 , and blood 0.70 S m -1 . Because of partial volume effects a linear interpolation function was used to allot approximated electrical physical properties to voxels containing more than one tissue. The result was a matrix of electrical tissue properties located at the centre of each voxel. Tissue conductivities were interpolated between the centres of each voxel for a continuous representation of the electrical properties of the tissue-medium. In Model III the tissue-medium were modelled as heterogeneous and anisotropic based on preoperative DTI. Each second order diffusion tensor was represented by a symmetric positive definite 3 by 3 matrix, D:
where the subscripts describes each direction. The tensors were extracted from the DTI dataset using the software DtiStudio Version 2.40 [18] . Tuch et al. [11, 12] showed a strong cross-property relation between the electrical conductivity and water self-diffusion tensors in extracellular brain tissue:
where r is the electrical conductivity tensor, r e (S m -1 ) is the effective extracellular electrical conductivity, d e (m 2 s -1 ) is the effective extracellular diffusivity, and D is the diffusion tensor. The intracellular conductivity was taken as negligible because of the effective shielding by the high resistivity of the cell membrane for frequencies in the DBS range (130-185 Hz \ 1 kHz). In this study the ratio of r e /d e was set to 0.844 Ss/mm 3 as empirically derived by Tuch et al. 2001 [11] . The electrical conductivity tensors were mapped in the finite element model at coordinates corresponding to their original location in the DTI data set. The result was a property matrix with the same resolution as the DTI data set containing electrical anisotropic conductivity tensors. The three tissue models' characteristics are summarised in Table 1 .
Anatomic regions
Two DBS electrodes with a radius of 0.635 mm and contact lengths of 1.5 mm separated by 0.5 mm, simulating a 3389 DBS TM Lead (Medtronic, Inc. USA), were modelled and positioned bilaterally in three anatomic regions of the brain: the dorso-lateral border of the subthalamic nucleus (denoted SubT), the postero-dorsal part of the internal pallidum (GPi), and the foremost part of anterior limb of the internal capsule (IC). These three regions correspond to three functional targets for treatment with DBS in Parkinson's disease, dystonia, and obsessive-compulsive disorders, respectively.
Within the subthalamus, the DBS electrodes were visible as artefacts on the postoperative CT. These artefacts were used to position the modelled electrodes at their patient-specific locations at the dorso-lateral border of the STN. The modelled electrodes were positioned in the centre of the electrode artefacts after co-registration of the postoperative CT with the preoperative MRI and DTI using Iplan (BrainLab, Germany). A detailed explanation on patient-specific electrode placement can be found in Å strom et al. 2009 [6] .
Within the postero-dorsal part of the GPi and the foremost part of anterior limb of the IC, modelled electrodes were manually placed. Thus, for these two targets the models were not patient-specific regarding the location of the electrodes. The positions of electrodes remained fixed between the different tissue model types. As a result, the locations and orientations of the electrodes were identical in relation to patient-specific anatomy between the three tissue models.
Simulations
The electric field was simulated for model I, II, and III, in each of the three anatomic regions (SubT, GPi, and IC) resulting in nine simulations in total. Monopolar electrode configuration was simulated bilaterally in each target where contacts 1 and 5 (contacts located just above the distal contacts on the right and left side) were used as cathodes with an electric potential of -3 V. Simulations were carried out with Comsol Multiphysics version 3.5 (Comsol Multiphysics AB, Sweden). The distribution of the electric field in the vicinity of the active contacts was calculated using the equation of continuity for steady currents [19] :
where J is the current density (A m -2 ), r the electrical conductivity (S m -1 ), and V the electric potential (V). The models were solved on a 64-bit Linux computer (3.6 GHz Intel Xeon processor, 16 GB RAM) for *2,500,000 degrees of freedom using Comsol Multiphysics' iterative linear system solver GMRES with the pre-conditioner Incomplete LU.
Visualization
The electric field was visualized in 3D with isolevels at 0.20 and 0.05 V mm -1 denoted inner and outer isolevel, respectively. These isolevels were chosen in order to display the electric field at two different radial distances away from the active electrode contact of approximately 2.7 and 6.1 mm during stimulation at 3 V. The electric field was visualized together with anatomic information on twodimensional axial and coronal slices. The intersections of the electric field isolevels with the MRI slices were traced. Each trace was colour-coded according to tissue model type where Model I was white, Model II was red, and Model III was yellow (Fig. 1) .
The tissue-micro structure was visualized with diffusion tensor data together with the MRI. A software tool was developed in Matlab 7.0 (The MathWorks, USA) for figure online) visualization of diffusion tensors with superquadric glyphs as described by Kindlmann (2004) [20] and later by Ennis et al. (2005) [21] . The diffusion tensors were decomposed from the 3 by 3 matrix, D (Eq. 1), into a local eigensystem of three mutually orthogonal eigenvectors and three eigenvalues. The eigenvalues were parameterized into linear, planar, and spherical anisotropy, C L , C P , and C S , respectively [22] :
where the eigenvalues, k, were sorted in descending order so that k 1 C k 2 C k 3 C 0. The shapes of the glyphs were then derived from two different parametric equations depending of the anisotropy of the tensor Eq. 7 in [20] :
where all the exponentials are signed:
parameter c highlights the anisotropy of the tensor by affecting the sharpness of the edges of the glyphs. In this study c was empirically chosen to 3 for creating glyphs with rounded edges that allowed a clear and intuitive view of the orientation of the glyph. The orientation of the glyphs was determined by the eigenvectors. Each glyph was colour-coded according to its deviation from the isotropic case, C A [22] :
where a high value of C A was coloured red and a low value was coloured blue (Fig. 2 ).
Data analysis
The spatial distribution of the electric field was quantified and compared between baseline model (Model I), and Model II and III. The diameters of the simulated electric field isolevels at 0.20 and 0.05 V mm -1 were measured in 9 orientations: x, xy, xz, -xy, y, yz, -xz, -yz, and z, where x was medial-lateral; y was anterior-posterior; and z was superior-inferior (Fig. 3) . Because of bilateral placement of DBS electrodes, 18 measurements were carried out for each isolevel, anatomic region, and model combination. Since the modelled electrodes were positioned with the same angle and location in each anatomic region, each diameter could be directly compared between models. Evaluations of the distribution of the electric field isolevels were performed using vector analysis and descriptive statistics.
Vector analysis was performed to derive a scalar value of the overall alteration of the shape of the electric field isolevels between baseline model, and Model II and III. Fig. 2 Superquadric glyphs. The shape of the glyphs represented the tissue anisotropy, where a cylindrical shape reflected linear anisotropy, a disk-shape reflected planar anisotropy, and a spherical shape reflected isotropic tissue. The glyphs were colour-coded according to their deviation from the isotropic case where blue was isotropic and red was highly anisotropic (colour figure online) Fig. 3 Modeled DBS-electrode with animated electric field isolevel in wireframe. The distance to the electric field isolevels were measured in nine directions; x, y, z, ±xy, ±xz, and ±yz, where x was oriented medial-lateral; y anterior-posterior; and z inferior-superior in relation to the plane of the anterior and posterior commissure. An electric field isolevel was animated with wireframe The 18 bilateral measured diameters from each isolevel, anatomic region, and model combination were used to create 18-dimensional vectors. An angle, t, between each baseline model vector, A, and the corresponding vector of Model II and III, B, were calculated based on the law of cosines.
The angle, t, which was displayed in degrees, represented a measure of the electric field shape differences between the models, where a large angle represented a large difference. The vector analysis was performed using MatLab 7.0 (MathWorks Inc., USA).
Descriptive statistics was used to calculate the mean and standard deviation (StDev) of the measured diameters for each isolevel, anatomic region, and model combination. In addition, the diameters of Model II and III were directly compared with the corresponding diameters of baselinemodel by calculating the difference between each corresponding diameter. Mean, standard deviation, minimum, and maximum of the differences were calculated for Model II and III. The minimum and maximum values were also expressed as a percentage in relation to the mean diameter length of the baseline model diameters. Statistical calculations were performed with Minitab (Minitab Inc., USA) and Microsoft Excel (Microsoft Inc., USA).
Results
Patient-specific MRI and DTI data were visualized on axial and coronal slices together with contours of the inner and outer isolevels in the SubT, GPi, and IC (Fig. 4) . We found that the spatial distribution of the electric field was altered by the heterogeneous isotropic (Model II) and heterogeneous anisotropic (Model III) tissue compared to baseline model (Model I). In general, vector analysis showed that the shape of the electric field isolevel was altered to a smaller extent in Model II than in Model III (Table 2 ). In Fig. 4 Simulated electric field isolevels at 0.20 and 0.05 V mm -1 presented on axial (left column) and coronal (right column) MRI slices. Simulations were performed within the dorso-lateral-STNsubthalamic-area (SubT), pallidum (GPi), and the foremost part of anterior limb of the internal capsule (IC) for tissue Model I (white), Model II (red), and Model III (yellow). DTI was displayed with colourcoded superquadric glyphs from blue, isotropic, to red highly anisotropic. The superquadric glyphs were intersected at their centre by the MRI slice showing the structural anatomy. The level of the axial and coronal MRI and superquadric glyphs was chosen as a compromise between closest to the active electrode contacts of the left and right electrodes (colour figure  online) tissue Model II the mean angles for all anatomic regions were 0.8, and 1.8°at the inner and outer isolevels, respectively. In Model III the corresponding angles were 3.1 and 3.0°. The influence of heterogeneous and anisotropic tissue on the electric field varied in different anatomic regions. Vector analysis showed largest angles in GPi for both Model II and III, at both isolevels.
In agreement with the vector analysis, the descriptive statistics showed lower standard deviations of the measured diameters in Model II than in Model III (Table 3 ). In tissue Model II the mean standard deviation for all anatomic regions were 0.12, and 0.41 mm at the inner and outer isolevels, respectively. In Model III the corresponding values were 0.39 and 0.75 mm.
The diameters of Model II and III were directly compared with the corresponding diameters of baseline model by calculating the mean, minimum, and maximum of the diameters differences (Table 4 ). In general, Model II showed smaller diameters differences than Model III. The minimum and maximum differences of Model II were (-0.2, 0.3) and (-1.3, 1.1) mm at the inner and outer isolevels, respectively. Expressed as a percentage of the mean diameter of baseline model for each isolevel (6.7 and 13.4 mm, respectively) this corresponded to (-3, 4%) and (-10, 8%). In Model III the corresponding values were (-0.5, 1.2), and (-1.8, 2.0) mm. Expressed as a percentage this corresponded to (-7, 18%), and (-13, 15%).
In Model III, anisotropic tissue had a marked directional influence on the electric field. Largest diameter difference compared to baseline model was 1.2 and 2.0 mm at the inner and outer isolevels, and was found in the right GPi parallel to the internal capsule, direction xz. The alterations of the electric field were related to the tissue micro-structure as presented by the superquadric glyphs. Because of linear anisotropy in this region, the electric field was further extended in the direction of the main axis of the conductivity tensor, and compressed perpendicular to the main axis (Fig. 5) .
Discussion
In this study the influence of heterogeneous and anisotropic tissue on the spatial distribution of the electric field during DBS was quantified and compared by means of patientspecific computer models and simulations in realistic DBS targets. The inner and outer isolevel (0.20 and 0.05 V mm -1 ) were altered (reduced or extended) in various directions compared to baseline model. In Model II, the alteration of the inner and outer isolevel diameter in various directions was up to 4 and 10%, respectively. In Model III the corresponding values were up to 18 and 15%, respectively.
Electric field isolevels were visualized and not the response of neural tissue as calculated by the activating function [23] commonly used by others [7, 16, 24] . This was an intentional choice in order to present the results in a general manner without restricting the interpretation of the results to specific axon orientations and diameters, along with additional assumptions regarding the electrode encapsulation tissue [25] and the voltage drop at the electrode-tissue interface [26] . Angles in degrees were calculated between corresponding vectors of Model II and III, and baseline model (Model I). Large angles correspond to large differences in the shape of the electric field compared to baseline model The effect on the electric field was specific to each anatomic region and also to each hemisphere. A combination of MRI and DTI data together with simulated electric field provided a detailed visual feed-back of anatomy, microstructure, and electric field during DBS. In Model III, the distribution of the electric field was finely tuned with respect to the tissue microstructure as presented by the superquadric glyphs (Fig. 5) . Thus, the orientation and shape of the superquadric glyphs may provide an indication of the spatial distribution of the electric field, even without simulations of the electric field.
The electric field was measured at two different isolevels, inner and outer, in order to evaluate the influence of heterogeneous and anisotropic tissue on the electric field at different distances away from the electrode. The inner and outer isolevels were located approximately 2.7 and 6.1 mm away from the surface of the active electrode contact.
Although the exact volume of neural tissue influenced during DBS is not known, the radial distance to the outer isolevel is considered to be outside the region where the major effect is taking place during stimulation at -3 V [27, 28] . The distance to the inner isolevel, however, may be regarded as within or at the border of the region of influence during standard DBS settings [29] . Thus, although the influence of heterogeneous and anisotropic tissue on the electric field was generally in the sub-millimetre level there were cases where the electric field diameter was altered by up to 1.2 mm at the inner isolevel (Table 4) . Such alterations may possibly have an impact on the clinical outcome during DBS because of modulation of the activity of neurons within the targeted nucleus as well as neighbouring myelinated fibres. This could be the case when targeting the subthalamus area, where STN is subdivided into different functional parts and surrounded and crossed by several fibre paths such as the ansa lenticularis and the superior thalamic radiations. In comparison it is well known that changing the active contact of Medtronic's model 3389 DBS TM Lead to a more superior or inferior contact, and thereby moving the current source by 2 mm, may result in a different clinical outcome.
The analysis of the effect of heterogeneous isotropic and heterogeneous anisotropic tissue on the spatial distribution of the electric field during DBS was limited by several reasons. Only nine diameters were measured of each electric field isolevel which does not provide a full representation of its spatial distribution. Patient-specific models based on DTI [30, 31] or MRI [8] have already been used in clinical investigations. However, the realism of models based on DTI or MRI are limited by several, but different factors. The major limitations of models based on MRI are the isotropic representation of the tissue-medium and the variations in the measured electrical conductivity of brain tissue found in the literature. The conductivity of grey and white matter tissue is dependent on frequency and measurements are substantially different in the literature. Tissue conductivity from standard references such as Geddes and Baker [32] or Schwan and Kay [33] are measured in tissue samples at frequencies way beyond standard DBS frequencies. Other factors that may influence measurements In model III, which was based on DTI, the electric field was further extended in the direction of the main axis of the superquadric glyphs and compressed perpendicular to the main axis performed in vivo is the tissue temperature, bleeding, leakage of CSF, decreased blood-flow due to anaesthetic agents, or increased pressure caused by the probe [34] . In addition, Hemm et al. [35] showed significant individual variations between patients during impedance measurements in the pallidum. In 1996, Gabriel et al. [36] extracted dielectric properties of tissues from the literature of the past five decades. These values together with new measurements [37] were used to described dielectric tissue properties for any frequency in the range of 10 Hz-100 GHz [38] . The data was made available online by Andreuccetti et al. [17] [39] . A major limitation of models based on DTI is the lowimage resolution in relation to the targeted anatomic regions. In addition, the performance of DTI is still limited in regions of crossing fibres because of multiple intra-voxel orientations [40] . As previously mentioned, a strong linear relationship between tissue electric conductivity and DTI was indicated by Tuch et al. [11] . However, this relationship has not been thoroughly evaluated, and in particular it has not been evaluated for different frequencies.
In addition to the tissue electrical conductivity there are other factors that may influence the outcome of DBS simulations. Butson et al. [25] evaluated the effects of various electrical tissue properties and electrode-tissue interface during DBS. Wei and Grill [41] , used finite element models to study the effects of varying electrode characteristics on the current density and field distributions in an idealized electrolytic medium. Yousif et al. [26] simulated the electric field during DBS for investigation of the voltage drop at the electrode-tissue interface at the acute, transitional, and chronic post-implantation stages of DBS. Johnson and McIntyre [42] used general finite element models together with a more detailed neuron model to examined how various stimulation paradigms affected the neural output of the pallidum, and the resulting stimulation-induced network-effects within the basal ganglia. The influence of electrode and tissue capacitance on the volume of tissue activated has previously been studied where inclusion of a capacitance of 3.3 lF had a minor effect on the stimulation waveform [24, 43] . During model-based investigations of DBS all of these factors may influence the results.
DTI is performed in some institutions in order to analyse white matter fascicles when planning trajectories during primary anatomical targeting during DBS [44] . However, a complicating factor of using DTI for patient-specific investigations is that it is not acquired on routine during DBS surgery in many clinics and therefore not available for multi-patient studies. In this study only one patient was included. Simulations were carried out bilaterally in three different anatomic regions for three different tissue models with a total of 162 measurements. Owing to the small size of the study care should be exercised in drawing general conclusion from these results. The spatial distribution of the electric field was mainly affected by the tissue within a few millimetres away from the electrode. Thus, a slight adjustment of the electrode locations would affect the results. In addition, stimulation with other electrode configurations such as bipolar or tripolar would generate a spatial distribution of the electric field different from that of monopolar stimulation. In addition, if more patients were studied the results would be affected by inter-subject anatomic variability.
In view of the anisotropic information provided by the DTI it may be suggested that DBS models based on DTI are more realistic than models based on anatomical MRI. However, this may not always be evident when the larger voxel volume of the DTI is taken into consideration. In this study, the voxel volume of DTI was approximately 17 times larger than for MRI (9.72 vs. 0.56 mm 3 ). For instance, previous studies by our group have shown that small cerebrospinal fluid (CSF) filled cystic cavities that may be visible in the MRI but not in the DTI can have substantial impact on the electric field because of the approximately 20 times larger conductivity of CSF than grey matter [45] . Thus, under such conditions tissue models based on DTI may not always be more realistic than tissue models based on MRI. Owing to the known and unknown limitations patient-specific computer models based on either structural MRI or DTI may be appropriate as long as the result is considered on a rough level.
Conclusions
Heterogeneous isotropic tissue altered the spatial distribution of the electric field by up to 4% at the 0.20 V mm -1 isolevel, and up to 10% at the 0.05 V mm -1 isolevel in certain directions. Heterogeneous anisotropic tissue had a larger impact on the distribution of the electric field with an influence of up to 18 and 15% at the 0.20 and 0.05 V mm -1 isolevel, respectively. The influence of heterogeneous and anisotropic tissue on the electric field may have a clinical relevance, especially in anatomic regions that are functionally subdivided and surrounded by multiple fibres of passage such as the subthalamic area. At this point patient-specific models based on either MRI or DTI data are suitable for presenting a rough estimation of the spatial distribution of the electric field in the anatomy.
